This study validated the feasibility of inertial sensors in estimating lower limb joint kinematics during stair ambulation in healthy older adults and stroke survivors. Three dimensional motion data were collected using an inertial sensor-based system from 9 persons with stroke and 9 healthy older adults as they ascended and descended a staircase at a self-selected pace. The measured joint angles were compared with a laboratory-based motion capture system by computing differences in range of motion (RoM), grand mean error, standard deviation, and coefficients of multiple correlations. For stroke survivors, differences in RoM measurements between these two systems were determined to be 3.3 ± 8.1°, while the highest correlations were found in the estimation of sagittal plane joint angles after offset correction. Results suggest that the inertial sensor system is suitable for estimating major joint angles in healthy older adults as well as the RoM for stroke survivors. New calibration procedures are necessary for applying the technology to a stroke population.
INTRODUCTION
Stair negotiation (ascent and descent) is among the most demanding activities of daily living and an essential skill for independent ambulation, with difficulty reported by one third of community-dwelling older adults [1, 2] . Compared to level ground walking, stair ascent and descent have been shown to be significantly more demanding biomechanical and neuromuscular tasks [3] [4] [5] , and as a result, aging individuals employ adaptation techniques in stair negotiation as their strength and joint mobility decline [6] . For those with limited mobility, such as individuals who have suffered a stroke, the impact of residual impairments in strength, movement coordination, and balance may become more pronounced with increased task demands, thus limiting the independence of these individuals. Strong evidence suggests that the ability to negotiate stairs is dependent on adequate lower limb strength [7, 8] . Although 60-70% of stroke survivors regain the ability to walk, only 7-22% are able to walk independently outside their homes [9] [10] [11] and it has been shown that the best predictor of independent activity in community-dwelling individuals is the performance of stair negotiation [12] [13] [14] .
In clinical settings, community ambulation capability is conventionally estimated using standard tests in lieu of real world mobility activities [9, 15] . Quantitative threedimensional gait analysis is a widely used tool in research and clinical settings for the measurement of lower-limb joint kinematics in both healthy and impaired individuals. However, although accurate, the current laboratory-based optoelectronic movement analysis has limited applicability due to the complexity of marker placement and data collection protocols, as well as the restricted measurement volume attributable to the required line of sight between cameras and markers. In addition, subjects are known to modify their gait patterns in laboratory settings, resulting in over performance compared to their day-to-day walking capability [16] [17] [18] .
The growing need to study gait outside a laboratory setting has led to the development of portable inertial-sensor-based systems for gait assessment. Inertial measurement units (IMUs) composed of 3D accelerometers, gyroscopes, and magnetometers, are commercially available, relatively low-cost, and provide a portable means of acquiring spatio-temporal gait information. Through sensor fusion algorithms such as Kalman filtering, the sensor signals (measures of angular velocity, acceleration, and earth's magnetic field) can be combined to estimate the 3D orientation of each IMU's coordinate system (CS) with respect to a global CS [19] [20] [21] [22] . Using these sensors, gait analysis could be performed in a natural setting to estimate joint kinematics given that an IMU is attached to each body segment of interest, an anatomical CS is defined for each body segment, and the orientations of the anatomical CSs are expressed in the IMU CSs [16] .
Thus far, IMUs have been used to measure 3D body segment orientations in both healthy and impaired individuals [16, [23] [24] [25] [26] [27] [28] . However, the definition of anatomical CSs remains critical. The inherent properties of IMUs are such that no information can be provided about the position of each individual sensing unit relative to segment bony landmarks, and therefore accurate calibration is required in order to locate sensor positions and orientations relative to anatomical references. Different calibration techniques have been conceived to ensure suitability of IMU measurements for gait analysis. O'Donovan et al. [23] defined a protocol for the 3D inter-segment ankle joint measurement, where calibration involved a novel two-stage technique in which subjects performed a rotation of both foot and leg segments about the longitudinal axis of the body while standing followed by a knee extension, maintaining alignment of the mediolateral axes of both foot and lower leg, about the respective z-axes while seated. These motions, although suitable for healthy individuals, may not be easily performed by some clinical populations, e.g., chronic stroke survivors.
Picerno et al. [24] proposed a protocol for estimating lower limb joint kinematics by defining anatomical CSs through direct measurement of directional anatomical axes using palpable anatomical landmarks. For each body segment, the determination of the orientation of two or more non-parallel lines was required, which in turn involved using 556
Measurement of Lower Limb Joint Kinematics using Inertial Sensors During Stair Ascent and Descent in Healthy Older Adults and Stroke Survivors multiple calibration tasks and specialized equipment. This protocol increased the complexity and duration of the IMU calibration procedure. Cutti et al. [16] proposed the estimation of lower limb joint angles through a novel protocol, named 'Outwalk'. In this protocol, two calibration procedures were performed: the mean knee joint flexion-extension axis was first computed in the thigh embedded CSs of the IMUs, followed by the definition of anatomical/functional CSs for the determination of each individual segment orientation in the IMU CS of their corresponding segment. Both calibration procedures were performed either upright or supine, and movements were self-initiated or aided by a therapist as necessary. From the calibration procedures, joint angles for the lower limbs were computed. The Outwalk protocol has since been validated with healthy subjects [29] as well as in the assessment of children with cerebral palsy [26] ; both studies reported the protocol in combination with IMUs to be suitable for gait analysis in non-laboratory settings. Although applicable to clinical populations, the Outwalk protocol requires the completion of assisted calibration procedures which add a level of complexity to the data collection.
The estimation of lower limb kinematics using IMUs can be assessed through acceptable ranges of variation in lower limb joint angle estimations reported in previous studies using traditional motion capture. Yavuzer et al. reported that in individuals having suffered a stroke, angular kinematics of both affected and less-affected lower limb joints are extremely stable, with intraclass correlation coefficients (ICCs) always greater than 0.90 [30] . Between repeated measures taken 2 weeks apart on stroke subject's affected limbs, maximum differences of 2.9 deg at the ankle, 4.9 deg at the knee and 3.3 deg at the hip were measured during gait by Novak et al. [31] . Significant differences in estimates between groups (control and stroke) or between limbs (affected and less affected in stroke) have been reported as a difference greater or equal to 4 deg. [32] . Therefore, error between lower limb joint angles estimated using IMUs and motion capture must fall within these acceptable ranges for IMU kinematic measures to be considered reliable.
The objective of this study was to validate the feasibility of IMUs in measuring lower-limb joint angles of chronic stroke survivors during stair ambulation. The application of IMUs, in previous studies using various calibration protocols, has been focused on gait analysis of overground walking in both healthy and impaired ambulators [26, 29, 33] . However, there remains a lack of knowledge as to the performance of these inertial sensors in other activities such as stair ambulation. This study is the first to use IMUs in the assessment of stroke survivors during stair ambulation, an important activity of daily living for independent ambulators.
METHODOLOGY 2.1. Subjects
Ten chronic, hemiparetic stroke survivors (a minimum of 6 months post-stroke) were recruited from the community through newspaper advertisements and letters and flyers sent to patients who attended monthly hospital-based rehabilitation programs during the past 12-18 months. The five male and five female subjects post-stroke were 69.7 ± 9.5 of age; 1.65 ± 0.09 m in height; weighed 70.47 ± 15.05 kg; and were 6.5 ± 5.4 years poststroke. Ten age-and sex-matched control subjects were also recruited through newspaper advertisements and postings at the local senior's center (age: 64.9 ± 11.5 years; height: 1.74 ± 0.13 m; weight: 80.72 ± 15.01 kg). Due to limitations in one subject's stair ambulation ability, only 9 from each group were included in the analysis. All healthy and post-stroke subjects self-reported to be in good health and were willing to participate in an orientation session and approximately 3 hours of testing. In addition, subjects were required to be able to ascend and descend at least 4 steps, with or without the use of a handrail. Subjects with stroke were screened to ensure that they were independent ambulators, with or without the use of a cane or assistive device, had a unilateral mobility deficit, and were able to follow instructions. All subjects were screened to exclude those with a history of non-stroke related mobility restrictions (neurological and musculoskeletal), cardiac disease (unstable angina, peripheral vascular disease, congestive heart failure), uncontrolled hypertension (systolic pressure > 140 mmHg, or diastolic pressure > 90 mmHg), or cognitive deficits. All subjects gave their informed consent prior to participation in accordance with university policy, and the study was approved by the Queen's Health Science Research Ethics Board (HSREB).
Instrumentation
The IMU system used in this study was the Xsens MVN Biomech system (Xsens Technology B.V., Netherlands) which was composed of 7 inertial sensors. Sensors were attached to the lateral aspect of each subject's midthigh and midshank, as well as the superior aspect of the midfoot, with an additional inertial sensor positioned over the pelvis, at the level of the L5S1 joint, using customized elastic straps (Xsens Technologies B.V., Netherlands) as seen in Figure 1 . Data were collected at a sampling frequency of 120 Hz.
Calibration of the IMU sensors and data collection was conducted using MVN Studio Pro V.3.0 (Xsens Technologies B.V., Netherlands). The calibration of these IMUs was conducted prior to commencing stair trials and allowed for the expression of segment kinematics within the global frame by determining the orientation of each sensor module with respect to the limb on which they were attached, as well as the relative distances between sensors. In order to define the sensor to segment alignment, subjects were asked to stand in a neutral position or N-pose (feet parallel, one foot width apart; legs and back straight; arms straight down at their sides; palms facing the body). The sensor to segment rotations were determined by matching the orientation of each sensor in the global frame with a known orientation of each segment (the known orientation is defined assuming the individual has adopted a perfect N-pose) [34] . Within MVN Studio, several checks were performed on the sensor signals to determine the quality of the calibration, including a measure of standing still, the expected alignment of the pelvis IMU sensor, and the homogeneity of the magnetic field in the surrounding area (Xsens Technology B.V., Netherlands). The software then reported calibration quality as Good, Acceptable, Fair or Poor based on body pose and sensor locations, and a minimum of Acceptable quality was ensured for each subject calibration. The rotation angle between the sensor and the body segment was then 558
Measurement of Lower Limb Joint Kinematics using Inertial Sensors During Stair Ascent and Descent in Healthy Older Adults and Stroke Survivors determined within MVN Studio by comparing the orientation of the sensor in the global frame with the nominal orientations of each body segment within this pose (assumed based on the known orientation of each limb segment in the perfectly held N-pose) [34] .
Estimates of joint positions were obtained through the measurement of several anthropometric body dimensions and anatomical references including: body height, foot size, ankle height (ground to distal tip of lateral malleolus), knee height (ground to lateral epicondyle on the femoral bone), hip height (ground to most lateral bony prominence of greater trochanter), and hip width (right to left anterior superior iliac spine). The optoelectric motion capture system was composed of two optoelectric cameras (Optotrak 3020, Northern Digital Inc., Waterloo, ON) positioned on either side of the staircase, which were used to track the position of individual infrared emitting diodes (IREDs) (accuracy up to 0.1 mm, resolution 0.01 mm). These IREDs were mounted non-collinearly in clusters of three to four to each IMU positioned on subjects' lower limbs using double sided tape. IREDs were also positioned over the sacrum at the level of S2 using an outward projecting fin of known dimensions. Data were acquired at a sampling frequency of 50 Hz.
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Figure 1.
A subject instrumented with IMU and IRED sensors descending the instrumented staircase onto the force platform.
Calibration of the optoelectric system was conducted after subjects completed stair ascent and descent trials, using a probe embedded with four IREDs fixed at known orientation to the tip. While instrumented, subjects stood on the second stair and the first and fifth metatarsal heads, medial and lateral malleoli, medial and lateral epicondyles, greater trochanters and the anterior superior iliac spines were probed thereby defining virtual landmarks [35, 36] . These data enabled the definition of limb segment lengths, joint centers, and the rotational axes of each limb segment within NDI ToolBench TM (Northern Digital Inc., Waterloo, ON).
All experiments were conducted using an instrumented staircase consisting of four steps (rise: 15 cm; run: 26 cm; width: 56 cm). A force platform (AMTI, Newton, MA) mounted on concrete blocks replaced the middle portion of the second step and recorded ground reaction forces at a sampling frequency of 100 Hz.
Procedure
Once instrumented, subjects were asked to ascend and descend the staircase with lead and connecting wires well secured and ensuring no obstruction of the IREDs or restriction of subjects' ability to ambulate naturally. Subjects were instructed to perform trials at a self-selected pace either using the step-over-step (SOS) method placing one foot on each stair, or the step-by-step (SBS) method placing both feet on the same stair led by the dominant/ less-affected foot. Subjects were asked to pause between each trial, and when they indicated that they were ready to continue, they were given a 'go' command and commenced the next trials. Trials were performed with (H) and without (NH) the use of a handrail on subjects' dominant side. For each subject, data of three successful trials were acquired for each condition (SOS H, SOS NH, SBS H, SBS NH) for both ascent and descent. Only the results for the SOS H conditions were reported in this paper. The results for other trial conditions (SOS NH, SBS H, SBS NH) are similar to the SOS H conditions.
Measurement of Joint Angles
Using a 9-segment biomechanical model of the lower body (pelvis, upper leg, lower leg, foot, and toe), the IMU kinematic data were transformed into body segment kinematics within MVN Studio Pro. The orientation and position of each sensor were calculated in the global frame, respectively, using integration of the gyroscope measurements and double-integration of the accelerometer readings. After integration of these signals, a Kalman filter was applied to correct for orientation and rotation errors in calculations. Magnetometer data were employed in the correction of rotation errors around the vertical axis, in order to correct the drift of the accelerometer and gyroscope at each time step [34] . From these results, lower limb joint angles were determined by calculating the orientation of the distal body segment with respect to that of the proximal body segment in the global frame, where these segment orientations were determined by the quaternion multiplication of the orientation of the sensor in the global frame with the complex conjugate of the rotation from sensor to body segment. Second-order forward-backward low-pass Butterworth filters were applied to the IMU joint angle data, with a cutoff frequency of 6 Hz to remove noise from the raw angular 560
Measurement of Lower Limb Joint Kinematics using Inertial Sensors During Stair Ascent and Descent in Healthy Older Adults and Stroke Survivors velocity and acceleration measurements [37] . IMU data were then segmented to include only the stance phase of the involved limb in contact with the force platform due to IRED marker occlusion in late swing. Heel strike to toe off was determined manually through visual inspection of the kinematic data from the IMU signal, and stance phase was normalized to 101 data points. IMU data were processed offline using MATLAB (The MathWorks, Natick, MA, USA). All motion capture and force platform data were filtered (second-order low-pass Butterworth, cutoff frequency 6 Hz), and stance phase was normalized to 101 points and synchronized using Visual 3D (C-Motion Inc., Rockville, MD). Detection of stance phase over the force platform was determined from the gait events of heel strike and toe off within each motion trial. Lower limb joint angles were computed using a sevensegment, link-segment model where spatial coordinates were transformed into Cardan angles by determining the orientation of the distal segment with respect to the reference proximal segment using the x, y, z ordered sequence of rotations (representing flexion/extension (FE), abduction/adduction (AA), and internal/external (IE) rotation, respectively) as suggested for such subject groups by Novak and Brouwer [6, 32] . Joint angle data for the ankle, knee, and hip during stance were then exported from Visual 3D to be further analyzed. Missing marker data resulting in incomplete joint angle curves (with no more than 15 consecutive incomplete frames of data) were interpolated using the MATLAB polynomial fit function, interp1.
As the IMU and motion capture data were used to synchronously measure subjects' motion during all trials and shared the same anatomical coordinate system definitions, both systems suffered the same soft-tissue artifact. Thus, differences in kinematics should be related only to differences in the ability of each measurement system to measure joint angles and to the effects of IMU calibration on these joint angle estimation.
Data Analysis
In order to assess the accuracy of the IMUs' measurement of joint kinematics, joint angle data collected during the stance phase from both the IMU and motion capture protocols were compared. For each protocol, the computed FE, AA, and IE rotation angles at the ankle, knee and hip were evaluated using the following parameters: mean (mean of the absolute value of motion capture signal -IMU signal), standard deviation (SD), and standard error of the mean (SEM; ) for (i) the difference in range of motion (RoM: maximal minus minimal joint angle), and (ii) the error between protocols (the grand mean error, expressed in degrees) over all subjects. These values were calculated with original joint angle data as well as after the mean difference between waveforms was subtracted to remove any offset present in IMU data between joint angle estimations due to initial calibration methods. For control subjects, only data collected from the dominant limbs were analyzed, assuming symmetry between limbs. However for stroke subjects, analysis was performed for both affected and less-affected limbs. To determine whether offset correction had a significant effect SD number of IMU samples ( ) on the calculation of RoM, SEM, and SD, student's t-tests were applied to examine the significance of differences, with p < 0.01 indicating statistical significance. The adjusted coefficients of multiple correlation (CMC) were calculated between IMU and motion capture protocols for original joint angles, as well as once the mean difference between waveforms was removed, CMC 1 and CMC 2 , respectively. CMC is a measure of similarity of waveforms taking into account the concurrent effects of differences in offset, correlation, and gain among them. Originally, CMC was proposed in two formulations, noted as within-day and between-day CMC [38] . In this study, the need to compare waveforms from different protocols requires the use of the betweenday or inter-protocol similarity to determine the variability in the measurement system performances [39] . Assuming synchronously measured kinematics through P protocols on G gait-cycles (each of F g frames), the CMC formulation was calculated:
(1) with the parameters defined below:
• Y gpf : ordinate at frame f of the waveform provided by protocol p at gait cycle g.
• -Y gf : ordinate at frame f of the average waveform among P waveforms of gait-cycle g, such that
• -Y g : grand mean for the gait-cycle g among its P waveforms, such that
In this study each trial contains only 1 gait-cycle. However, CMC values were calculated independently for both SOS ascent and SOS descent, and for affected or lessaffected limbs (stroke) or the dominant leg only (control), (p = 2 protocols [IMU and motion capture], g = 3 gait-cycles [healthy, less-affected, affected], f = 101 frames).
Within each gait cycle, if the variability of each waveform about the mean waveform is smaller than the variance about their grand mean, the CMC value approaches 1; otherwise, the CMC value will approach zero. If the offset between curves is not removed and this offset is comparable to the RoM of these curves, the numerator of Eq. 1 may become greater than the denominator, therefore resulting in a complex number for the CMC value. Based on previous studies [30, 38, 40] , the CMC values in this study were interpreted as follows: 
RESULTS
Sample kinematic results estimated using IMUs and motion capture for one stroke subject during SOS stair descent is shown in Figure 2 . A high level of similarity is observed between flexion extension curves, while marked differences are observed for abduction/adduction and internal/external rotation estimations. From the motion capture system, mean range of motion values were obtained for control subjects' dominant limbs as well as stroke subjects' affected and less affected limbs. These values are exhibited in Table 1 below. Sample kinematic data for a representative stroke subject performing an SOS descent trial (thicker lines represent IMU, and thin solid lines represent motion capture). Strong correlation observed for the estimated ankle, knee, and hip flexion/extension angles. The differences in RoM, grand mean error, SD, and SEM between joint-angles calculated through motion capture and IMUs are shown in Table 2 for the ankle, knee, and hip joints. Twenty-one trials for healthy limbs and 18 trials for both affected and less-affected limbs were included in this analysis (exclusions were due to partial motion capture marker occlusion that occurred in certain trials or the inability of certain stroke survivors to complete three successful trials of a given condition). On average, grand mean error values were lowest for all healthy joints in FE during both ascent and descent trials. At the ankle, offset correction was observed to have a significant effect on decreasing grand mean errors for all healthy, less affected and affected limbs ( p < 0.01). The improvements in grand mean error values at the ankle observed in the affected and less affected limb trials for FE, AA, and IE rotation were as follows:
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• FE grand mean error decreased from 14.1 ± 5.3°to 4.6 ± 3.3°( p = 0.01) after offset correction for affected joints and from 7.2 ± 3.5°to 6.6 ± 3.4°( p = 0.004) after offset correction for less affected joints. • AAgrand mean error decreased from 13.2 ± 4.7°to 4.2 ± 3.2°( p = 0.01) after offset correction for affected joints and from 14.0 ± 5.2°to 4.8 ± 3.3°(p = 1.12 E-5) after offset correction for less affected joints. • IE grand mean error decreased from 40.0 ± 3.7°to 2.8 ± 2.4°(p = 9.31 E-6) after offset correction for affected joints and from 32.1 ± 2.8°to 2.2 ± 1.7°( p = 0.03) after offset correction for less affected joints.
At the knee and hip joints, for both ascent and descent trials, improvement in grand mean error values were observed after offset correction in all limbs. The improvements in affected and less affected limb grand mean error values were as follows:
• At the knee joint, FE grand mean error decreased from 8.3 ± 2.5°to 2.1 ± 1.7°( p = 2.22 E-6) and from 8.0 ± 2.6°to 2.3 ± 1.9°(p = 1.1 E-5) for affected and less affected limbs, respectively, after offset correction. At the hip joint, FE grand mean error decreased from 19.0 ± 4.4°to 4.0 ± 2.3°(p = 0.08) and from 10.7 ± 2.4°to 2.1 ± 1.5°(p = 0.01) for affected and less affected limbs respectively after offset correction. • At the knee joint, AA grand mean error decreased from 11.9 ± 4.6°to 4.1 ± 2.6°(p = 0.001) and from 8.6 ± 4.4°to 4.0 ± 3.0°(p = 0.001) for affected and less affected limbs, respectively, after offset correction. At the hip joint, AA grand mean error decreased from 5.1 ± 2.0°to 1.9 ± 1.5°(p = 0.01) and from 8.3 ± 2.9°to 2.6 ± 2.1°( p = 0.0001) for affected and less affected limbs respectively after offset correction. Table 2 . Differences in ankle, knee, and hip joint kinematics between IMU and motion capture protocols. Data are from 9 healthy (H) subjects and 9 affected (A) and less-affected (lA) limbs of subjects with stroke performing stair ascent and descent using a stepover-step pattern (SOS). Twenty-one ( • At the knee joint, IE grand mean error decreased from 41.4 ± 3.8°to 3.3 ± 2.4°( p = 0.0007) and from 39.6 ± 2.9°to 2.3 ± 1.7°(p = 0.05) for affected and less affected limbs, respectively, after offset correction. At the hip joint, IE grand mean error decreased from 17.6 ± 2.2°to 2.2 ± 1.5°(p = 0.02) and from 16.3 ± 3.5°to 2.9 ± 2.3°(p = 0.006) for affected and less affected limbs respectively after offset correction.
Mean differences in RoM values were calculated between protocols and were found to vary greatly between joints and joint angles. During ascent and descent trials, the following mean RoM error values were reported across joints:
• For healthy limbs: 2.9 ± 7.4°for FE, 2.0 ± 7.1°for AA, and 3.9 ± 5.5°for IE rotation.
• For less affected limbs: 4.1 ± 8.7°for FE; 3.5 ± 9.1°for AA, and 4.5 ± 8.4°for IE rotation. • For affected limbs: 2.6 ± 9.2°for FE, 3.8 ± 7.6°for AA, and 2.1 ± 9.0°for IE rotation.
Standard deviations of mean RoM error values were found to be higher in both less affected and affected limbs than in healthy limbs.
Figures 3-5 report the CMC 1 and CMC 2 values for the ankle, knee, and hip joints respectively, for ascent and descent SOS H trials. Twenty-one trials for healthy limbs and 18 trials for both affected and less-affected limbs were included in this analysis. In each box-and-whisker plot, a comparison of the kinematics calculated through conventional laboratory based motion capture and IMU protocols is presented as one CMC value per joint-angle for all healthy and stroke subjects. In Figures 3a-5a , CMC 1 box-and-whisker plots reflect joint-angles in which all non-real numbers have been removed. Real CMC 1 values were obtained for flexion/extension angles for both ascent and descent, with at least good similarity at the ankle and the knee joints and moderate similarity at the hip joint for both healthy and stroke subjects. For knee FE, values within whiskers for descent were greater than 0.87 (very good similarity), with median CMC values above 0.94. Values within whiskers for knee FE ascent trials were greater than 0.85 with medians above 0.90 (very good similarity).
After the offsets between corresponding motion capture and IMU waveforms were removed, CMC values were recalculated as shown in Figures 3b-5b . CMC 2 FE median values were at least 0.91 for all joints, suggesting very good similarity. Notably, all knee FE values within whiskers for ascent conditions were above 0.97, and those for descent conditions were above 0.94, suggesting very good and excellent similarity, respectively. However, abduction/adduction and internal/external rotation angle values, even after the offset was corrected for, fell below the acceptable range of CMC values. Therefore, the strongest correlation between protocols was observed between calculations of flexion/extension angles at the ankle, knee, and hip joints. The highest levels of correlation between protocols were found in the calculation of healthy joint angles, while for stroke subjects, correlation was found to be weaker in the less affected and affected limbs, suggesting that IMUs estimated joint angles for healthy older adults more accurately than for stroke subjects.
DISCUSSION
In this study, we aimed to perform a validation of the feasibility of using Xsens IMUs in the gait analysis of chronic stroke survivors as well as healthy older adults during stair ambulation. Ten chronic stroke survivors and ten healthy older adults were recruited for this study, and 9 from each group were included in the analysis in order to observe stair ambulation techniques relative to various degrees of mobility impairments. The application of IMUs in gait analysis of this kind will be possible only if the detection of gait abnormalities in joint kinematics through this technology can be proven similar to conventional laboratory-based motion capture systems. If demonstrated, the use of these 9D IMU sensors could be extended to study different populations outside laboratories in day-to-day settings while remaining minimally invasive. Comparing data simultaneously collected through conventional motion 568
Measurement capture and through IMUs calibrated using the sensors' proprietary software, it was found that similar to previous studies in healthy young subjects by Ferrari et al. [16] and van den Noort et al. [26] , differences between sensors were largest for the transverse and frontal plane angles (abduction/adduction and internal/external rotation). Differences in kinematics between IMU and motion capture methods were found to be higher in those subjects with stroke than in the healthy older adults, yet differences in all three conditions were found to be greater than those reported by Ferrari et al. and by van den Noort et al. using the Outwalk protocol [16, 26] . The greater differences between previous studies and this work however can likely be attributed to differences in age and associated adaptations in locomotion patterns of individuals in this study compared with the young healthy population previously studied [32] . In addition, differences can also be attributed to the various calibration procedures used in previous studies compared with the static calibration proposed in this study. For both stroke and healthy older populations, flexion extension angles (sagittal plane) reported at the ankle, knee, and hip proved to yield the highest levels of similarity between motion capture and inertial sensor protocols, as reported through CMC 1 values. This similarity can be attributed in part to the greater amplitude in flexion extension angles, hence resulting in a much greater signal-tonoise ratio than present in the remaining joint angles. Therefore, it can be concluded that 9D IMU sensors with upright calibration performs with moderate accuracy, without offset removal, in the estimation of joint-angle in the sagittal plane. Additionally, after removing the offset between corresponding waveforms, the CMC 2 values for these joint-angles were found to improve to very good similarity. Therefore, when using only static upright calibration for the IMU-based system, offset correction or calibration with a reference camera-based system may prove necessary in order to obtain accurate estimates of joint angle in individuals having suffered a stroke. The results of the current comparison may not apply to other IMU systems if they use different protocols in joint angle estimation. The quality of similarity of joint-angle estimation between protocols shown through CMC 2 values for ascent and descent in the SOS condition is similar to those in the SBS condition. The portability of IMUs could afford the ease of data collection within a natural and more familiar environment, which would be particularly valuable for assessing mobility in people with impairments (such as hemiparesis due to stroke) and developing gait retraining rehabilitation interventions.
The improvement in CMC results after offset correction suggests a potential means of using inertial sensors for the measurement of joint angles during stair ambulation in post-stroke subjects outside traditional laboratory settings. It is possible to calibrate the inertial sensor system with a camera-based motion capture system by collecting a series of stair ambulation data within a laboratory. From these trials, mean offset values between systems could be established and used to correct subsequent inertial data collected during non-laboratory stair ambulation activities.
After offset correction, certain calculated CMC 2 values were found to have decreased from CMC 1 values calculated using raw data. This decrease can be attributed to a greater number of non-imaginary CMC values affecting the mean CMC for each limb. The calculation of CMC values may also be affected by the differences in RoM observed between affected and less-affected limbs. Greater RoM results in a greater -Y g value in eqn. 1, which in turn would result in a greater CMC value. Therefore, CMC may not be the best measure of correlation between curves in populations with mobility impairment, where a greater range of mobility may be experienced in less affected limbs [41] .
A higher correspondence in joint angle estimation between protocols for healthy subjects was demonstrated through RoM, grand mean error, SD and SEM results under both ascent and descent conditions, where the strongest similarities were observed for the sagittal plane angles. However, for subjects with chronic stroke, a greater difference in the estimation of joint angles through the IMU and motion capture protocols was found. The error in joint angle estimation for stroke patients was further found to lie beyond the limits reported by Yavuzer et al. and Novak et al. [30] [31] [32] . The differences in joint angles reported, primarily within the frontal and transverse planes, are believed to be the result of the calibration procedures used in each protocol to define the local CS of the foot, shank, and thigh. The effect of anatomical frame variation on joint angles was described by Brennan et al. [42] such that any perturbation of the nominal anatomical frame definition would result in kinematic crosstalk.
For those angles in the sagittal plane for both healthy and stroke groups, mean RoM values reported were found to lie just beyond the range of ± 5°reported using the Outwalk protocol involving healthy adults [29] . The increase can be attributed to IMU accuracy and calibration procedures, yet these RoM values for FE angles suggest that Xsens IMU sensors could reliably be used for the measurement of primary joint angles in stroke patients. For rehabilitation aiming at restoring or maintaining RoM of affected limbs, IMUs could serve as an important tool in the evaluative measure of recovery from hemiplegic stroke [43, 44] .
In subjects with chronic stroke, the differences in estimated joint angles between protocols may be due to the differences in local CSs definitions. The calibration of the Xsens IMUs requires only that participants maintain a neutral stance position so that the orientation and distance of each IMU can be determined. However, this calibration procedure functions under the assumption that the subjects body segments are aligned so as to maintain the nominal joint-angles of the neutral stance position during the calibration procedure. Yet, the ability of a healthy individual to comply with these requirements is far easier than that of an individual with stroke, who may present less stability and lower limb strength. Chronic muscle weakness may also play a role in the inability to achieve an accurate anatomical calibration solely from a static posture in stroke survivors. Additional calibration procedures should therefore be developed, as was done for the Outwalk protocol applied to children with cerebral palsy [16] , allowing for repeatable and reliable measurements to be acquired through IMU sensors outside laboratory settings. The validation of IMUs in the assessment of gait in impaired populations through Outwalk suggests that perhaps activity-or population-specific calibration of these sensors may be required. A more specialized functional calibration for chronic stroke survivors might result in a more accurate definition of joint axes and sensor position rather than simply relying on the definition of axes through bony landmarks and the recording of a static pose.
Additional sources of error present in this study may include rater reliability in identifying bony landmarks during motion capture calibration, determination of heelstrike and toe-off gait events based on IMU kinematic data, different sampling frequencies between systems, and normalization of data to 101 points for the description of stance phase in both IMU and motion capture systems. Any one of these sources of error in isolation or combination could contribute to the differences in estimated joint angles observed between systems.
A limitation of this study is that only the joint angles during stance phase were compared due to partial IRED marker occlusion that occurred during the late swing phase. Marker occlusion is a challenge associated with motion capture systems due to the line of sight requirements between cameras and markers, an issue that does not impact IMU sensors. Given that the stance phase represents the majority of the overall stride time (64% of the stride cycle), this limitation is considered not serious. It is also the case that in negotiating stairs, a major point of instability during stance is when the total body weight is transferred from one limb to the other while all joints are flexed [45] . Previous work in stroke and stair ambulation have focused on understanding and characterizing the stance phase [6] . The inclusion of swing phase in comparison studies would enable determination of whether the differences in acceleration profiles in stance and swing could impact the accuracy of the IMU data.
A second limitation of this study is that the tests were not conducted in a random order. Throughout the course of data collection, subjects might have become more familiar with the testing environment and the stepping patterns required, which might have affected stepping speed, ease of motion, and joint angles during trials (i.e., the learning effect). Had stepping conditions been randomized throughout testing, the learning effect may have 572
Measurement of Lower Limb Joint Kinematics using Inertial Sensors During Stair Ascent and Descent in Healthy Older Adults and Stroke Survivors been minimized. However, we believe that if learning effect was a factor in this study, it would have equally affected all stepping conditions and groups.
CONCLUSIONS
In this study, the application of IMUs was found to be suitable for the estimation of major joint angles in healthy older populations. In addition, for clinical research and rehabilitation, IMU sensors could be employed in the analysis of dynamic RoM in stroke survivors. However, further research is needed before IMUs can be applied to estimate frontal and transversal plane angles in both elderly and stroke populations. To extend this technology to the estimation of major joint angles in stroke patients will require further research to establish a new calibration procedure better suited for these individuals in order to provide valid data; i.e. to reduce the discrepancies between measured joint-angles and those obtained through conventional motion capture protocols. With an improved calibration procedure for the IMU protocol, this technology can extend gait and stair ambulation evaluation for stroke patients to a nonlaboratory, real-world environment.
